An 8-channel receive coil array was constructed and implanted adjacent to the skull in a male rhesus monkey in order to improve the sensitivity of (functional) brain imaging. The permanent implant was part of an acrylic headpost assembly and only the coil element loop wires were implanted. The tuning, matching, and preamplifier circuitry was connected via a removable external assembly. Signal-to-noise ratio (SNR) and noise amplification for parallel imaging were compared to a single-, 4-, and 8-channel external receive-only coil routinely used for macaque fMRI. In vivo measurements showed significantly improved SNR within the brain for the implanted versus the external coils. Within a region-of-interest covering the cerebral cortex, we observed a 5.4-, 3.6-fold, and 3.4-fold increase in SNR compared to the external single-, 4-, and 8channel coil, respectively. In the center of the brain, the implanted array maintained a 2.4×, 2.5×, and 2.1× higher SNR, respectively compared to the external coils. The array performance was evaluated for anatomical, diffusion tensor and functional brain imaging. This study suggests that a stable implanted phased-array coil can be used in macaque MRI to substantially increase the spatial resolution for anatomical, diffusion tensor, and functional imaging.
Introduction
The awake macaque monkey is an important animal model in neuroscience for detailed invasive studies of perceptual and cognitive processes. During the last decade, MR image techniques such as fMRI and DTI have proven to be highly valuable for studying cognitive processing and anatomy in these monkeys (Adluru et al., 2012; Arcaro et al., 2011; Bell et al., 2009; Disbrow et al., 2000; Logothetis et al., 1999; Logothetis et al., 2001; Makris et al., 2007; Matsui et al., 2011; Moeller et al., 2008; Stefanacci et al., 1998; Tsao et al., 2003a; Vanduffel et al., 2001) . Compared to human MRI, additional technical challenges have to be addressed for monkey MRI (Goense et al., 2010b) . Firstly, because of the smaller head size of the macaque monkey a higher spatial resolution is required to reveal similar anatomical detail as in the human. This means that the signal-to-noise ratio (SNR) per voxel is inherently lower for monkey MRI than for human MRI. While smaller coils can help bridge this SNR gap, the SNR of external small coil elements is decreased by the considerable brain-coil distance arising from the large temporal muscles, from the head fixation post, and from possible recording wells and auditory equipment. Secondly, monkey MRI is more sensitive to susceptibility artifacts and temporal instability due to animal motion, especially for awake monkey fMRI experiments. In addition, multiple scan sessions are often required for monkey fMRI experiments, resulting in differences in sensitivity and image quality across sessions due to variability in coil position.
Early functional imaging studies in monkeys used BOLD contrast at voxel volumes of 10-30 mm 3 and field strengths of 1.5 T (Disbrow et al., 2000; Stefanacci et al., 1998) . One strategy to improve the SNR and resolution of monkey fMRI is to use high field imaging at 4.7 T and 7 T (Goense et al., 2010b; Logothetis et al., 2001; Pfeuffer et al., 2007) . Unfortunately high field scanners are expensive and yield an additional increase in susceptibility artifacts arising from non-head motion, even when the head position is fixed. Another method to improve sensitivity of fMRI was the introduction of cerebral blood volume (CBV) contrast (Kim and Ugurbil, 2003; Mandeville et al., 1999) for monkey fMRI using an exogenous contrast agent (Leite et al., 2002; Vanduffel et al., 2001) . The CBV method increases the contrast-to-noise ratio with a factor of 3-5 (depending on the field strength) and therefore the statistical power of typical fMRI experiments. Its introduction made functional imaging of alert monkeys at field strengths of 1.5 T and 3 T feasible and resulted in many successful sensory and cognitive studies Hadj-Bouziane et al., 2008; Moeller et al., 2008; Nelissen et al., 2006; Tsao et al., 2003b; Vanduffel et al., 2001) .
The use of parallel imaging with phased-array coils (Pruessmann et al., 1999; Roemer et al., 1990; Wiggins et al., 2006; Wright and Wald, 1997) to improve SNR and image distortions was only recently introduced for alert monkey functional imaging studies Ekstrom et al., 2009; Goense et al., 2010a; Kolster et al., 2009; Mantini et al., 2011; , and for diffusion tensor imaging (DTI) experiments in anesthetized monkeys (Khachaturian, 2010; Khachaturian et al., 2008; Liu et al., 2010) . Although conventional phased-array coils, containing up to 8-channels, yielded a significant increase in SNR, the arrays never reached their full potential due to the distance between the external coil and the monkey brain. An approach to this problem is to reduce this distance by implanting the coil in or on top of the skull, as demonstrated by Logothetis and colleagues, who implanted a single-loop coil intraosteally for ultra-high resolution local imaging at high field strengths in anesthetized monkeys (Logothetis et al., 2002) .
In this study we have sought to extend the implanted coil method to an array of surface coils to allow parallel imaging which mitigates susceptibility shifts induced by animal motion. This approach also allows us to integrate the array with the standard implanted head-post used in the awake preparation. We embedded an 8-channel phased-array coil inside the headpost acrylic of a monkey on top of its skull. Except for the need to cover an increased area of the skull with headpost acrylic, this approach does not require any additional invasive procedures relative to previous methods (Vanduffel et al., 2001) . A larger sized headpost acrylic is common for experiments with macaques when multiple recording wells are integrated in the dental acrylic. Compared to a single implanted loop, an implanted array coil will significantly increase the field-of-view (FOV) up to near full-brain coverage. Moreover, an implanted phased-array coil allows us to apply accelerated imaging which reduces image distortions. We compared the performance of the array to conventional external coils for monkey imaging (a single-, 4-, and 8-channel coil). In addition, we demonstrate the performance of the implanted array for high-resolution anatomical imaging (200 μm isotropic) and DTI (0.7 mm isotropic) with near full-brain coverage and for functional echo-planar imaging (EPI, 0.5 mm isotropic) with near-full brain coverage.
Materials and Methods

Animal model
Data were acquired on a male rhesus monkey (Macaca mulatta; 6.5 kg, 4 years old). All procedures were approved by the Massachusetts General Hospital Subcommittee on Research Animal Care (Protocol 2003N000338; PI Vanduffel) and are in accordance with National Institutes of Health guidelines for the care and use of laboratory animals. For short scan sessions anesthesia was induced and maintained with ketamine (Ketalar®, Pfizer, New York, NY, USA) supplemented with dexmedetomidine (Dexdomitor®, Pfizer, New York, NY, USA). For longer scan sessions (> 4 hours) and during surgery, gas anesthesia was maintained with isoflurane (1.5%) via an endotracheal tube. During the experiments the anesthetized monkey was fixed in the 'sphinx' position inside a plastic box using a physical head restraint to mimic conventional awake monkey fMRI experiments (Vanduffel et al., 2001) . During anesthesia the monkey's heart rate, oxygen saturation, end-tidal CO 2 , breathing rate and blood pressure were continuously monitored.
8-Channel Implant Coil Design and Construction
The implant array coil consisted of an implanted part and a removable external assembly (Fig. 1 ). The implanted part consists of the wires that form the individual loops and 8 connectors to connect these wires to the external assembly, which contained all the electrical circuit components (e.g. capacitors).
The implanted part was tailored onto the monkey's skull. For construction purposes we used a 3D printed plastic skull replica from the monkey, obtained from an MR image with an ultrashort TE pulse sequence (repetition time (TR)/echo time 1 (TE1)/echo time 2 (TE2)/flip angle (α) = 6.1 ms/0.1 ms/3.8 ms/14°, slice = 0.8 mm, matrix: 192 × 192, : 159 × 159 mm 2 ). The coil consisted of one central loop surrounded by seven loops ( Fig. 1a-b ). The loop diameters ranged from 3 to 5 cm, although the loops were not perfectly circular to optimally cover the upper part of the skull without causing any discomfort for the subject. Based on extensive experience from multiple macaque headpost and recording well surgeries the possible size limits of the coil were determined. The central loop was large enough to accommodate the peek headpost while maintaining the correct overlap with the other seven loops for geometric decoupling ( Fig. 1a and d ). The anterior loop was limited in size by the pronounced orbits of the eyes. The two lateral loops on each side of the skull reached as deep as possible without removing any muscle tissue or interfering with the ear canal. The two posterior loops reached up to 5 mm above the occipital ridge.
The eight overlapping coil elements were formed manually from 16 AWG heavy-armored poly-thermaleze high-temperature magnet wire (Belden, St. Louis, MO, USA). Bridges were bent into the wire to allow the coil conductors to crossover one another without touching Wiggins et al., 2009) . All the points of crossover were fixed using dental acrylic (C&B metabond, Parkell, Inc., Edgewood, NY, USA). Each loop contained an MR-compatible MCX connector (Amphenol, Wallingford, CT, USA) for interfacing the coil element via a tuning and matching circuitry. A layer of Teflon was applied to have additional electrical insulation (Fig. 1d ).
The external part of the coil contained all the resonant coil circuit components. The components were positioned on small external circuit boards ( Fig. 1c and 2) manufactured with a rapid prototyping circuit board router (T-Tech-7000, T-Tech, Inc., Norcross, GA, USA). The boards included the male MCX connector, the matching capacitor (C 1, Series 11, Voltronics, Danville, NJ, USA), a tunable capacitor (C 2 , JR150, Voltronics, Danville, NJ, USA), and an active detuning circuit. This detuning circuit consisted of the capacitor C 1, a hand-wound inductor L and a PIN diode (D, Macom, MA4P4002B-1072, Lowell, MA, USA). Furthermore, C 1 is also used to impedance match the element's output to an optimized noise-matched impedance Z NM , desired by the preamplifier (VV TRIO XX D380 preamplifiers 3T 123.2MHz, Siemens Healthcare, Erlangen, Germany) (Hergt et al., In: Proceedings of the 15th Annual Meeting of ISMRM 2007). The optimal use of these preamplifiers was previously described by Keil and colleagues (Keil et al., 2011) . Optimal preamplifier decoupling was achieved by carefully controlling the coaxial cable length (~42 mm, experimentally determined) between preamplifier and coil output circuitry, so that it transforms the input impedance of the preamplifier to a short circuit across the diode D. This introduces a high serial impedance in the coil loop, where minimal current flows in the loop and inductive coupling to other coils is minimized.
All preamplifiers were orientated in z-direction to minimize Hall effect issues within the GaAs FET (Possanzini and Boutelje, In: Proceedings of the 16th Annual Meeting of ISMRM, Toronto, Canada, 2008). The preamplifier circuit boards also contain a bias-T for the PIN diode, which allows biasing the PIN diode via the 42-mm coaxial cable.
A local detunable single-loop coil (d = 15 cm, inner diameter; 1 cm thickness) was used as a transmit coil. This transmit coil was made from printed circuit board and slightly curved to increase the space for the placement of the exterior part (circuit boards and preamplifiers) of the implanted coil. To mimic an awake fMRI setup, the coil was placed horizontally and as low as possible over the top of the head of the monkey without covering his eyes. The primary B1-field of the transmit coil is in the y-direction. This setup with local transmit makes the constructed coil system feasible for MR scanners with no body coil (e.g. headonly scanners) or with strong gradient inserts (such as the AC88, Siemens, Erlangen) where the body coil is disabled.
Coil Surgery
Before the surgery the implanted part was sterilized using ethylene oxide gas. The headpost and coil were implanted during a single surgery and were fixed to the skull using dental acrylic (C&B Metabond) and 13 ceramic screws. The surgery was similar to a standard head post surgery (Vanduffel et al., 2001 ). The only difference was that besides the plastic headpost, the implanted coil was fully embedded in the dental acrylic. During surgery, gas anesthesia was maintained with isoflurane (1.5%) via an endotracheal tube.
Ultimately, this procedure created a three-layer electrical insulation that also increases the biocompatibility between the conductive part of the coil and the biological tissue ( Fig. 1d ). First the polyester coating of the wire, second the liquid Teflon layer, and third the embedding of the coated wires in dental acrylic. During the surgery and when the monkey was not being scanned, small caps protected the 8 implanted connectors. These protective caps were constructed from the male counterparts of the MCX connectors. These caps were made as small as possible and the backside was closed with solder. To make sure that the monkey could not remove these caps, small ridges of dental acrylic were implemented in the headpost around the caps.
Antibiotics (25 mg/kg Cephazoline, Noveplus LLC, Irving, TX, USA) and analgesics (0.01mg/kg Buprenex, Reckitt Benckiser Healthcare Ltd., Slough, UK) were given daily for, respectively 5 and 3 days following the surgery. The surgical procedures conformed to National Institutes of Health (NIH) guidelines for the care and use of laboratory animals. The total size of the constructed headpost acrylic was comparable to those of other macaques in our institution with multiple recording wells. More than six months after implantation, the monkey is currently being trained to perform behavioral tasks inside the scanner. The monkey does not show any signs of discomfort from the implanted array and the array is still working without any signs of deterioration.
External Coils
Three external monkey fMRI coils were used for comparing the performance of the implanted array: a horizontal receive-only coil (d = 10 cm) and a tight-fitting 4-(d = 6 cm), and 8-channel (4.5 cm) array coil.
The single loop coil was constructed out of printed circuit board and contains 12 equally spaced capacitors. The external phased array coils consist of two panels, each with two or four channels on both sides of the monkey's head (Mareyam et al., In: Proceedings of the 19th Annual Meeting of ISMRM, Montreal, Canada, 2011) . The array loops consisted of 16 AWG wire (Wiggins et al., 2006) that was positioned into a 3D-printed plastic holder. Each loop is broken up at one location, opposite to the driving point, at which a tunable capacitor was placed. The two panels of the arrays are positioned as close as possible to both sides of the monkey head while not obstructing the head post and eyes. The same local transmit coil as for the implant coil was also used for the external 4-and 8-channel coils. However, the standard body transmit coil was used during measurements with the single-channel receive coil.
Coil Bench Tests
The procedures for bench testing during construction were described previously . In short, bench measurements verified the element tuning, active detuning, nearestneighbor coupling, and preamplifier decoupling for each coil element. In addition, the ratio of unloaded-to-loaded quality factor (Q U /Q L ) was measured for each of the eight coil elements. Q U /Q L ratios were obtained with the element under test placed as an isolated resonant loop (no coaxial cable or preamplifier) within the populated but detuned array.
After populating all of the elements, the detuning trap circuits were adjusted so that elements not under test could be actively detuned using the coil-plug simulator. Active detuning was measured with a S21 measure between two decoupled (~80 dB) inductive probes slightly coupled to the array element under test. Nearest-neighbor coupling was measured using a direct S21 measurement between pairs of elements with coaxial cables directly connected to the preamplifier sockets of the two elements under test. The wires forming the loops were bent to empirically optimize the decoupling, while watching the S12 measure between the two loops under test to optimize the decoupling. When measuring the S21 between an adjacent coil pair, all other elements of the array were detuned.
We measured the preamplifier decoupling of a given loop with all other loops detuned. Preamplifier decoupling was measured as the change in the double-probe S21, when the coil drive coax was terminated in each of two different match conditions (Reykowski et al., 1995) . In the first case, the coil is terminated with the powered low-impedance pre-amplifier. In the second case, the coil is terminated with a "power match" load by a dummy preamp consisting of a lumped element termination of impedance Z NM *.
MRI Data Acquisition and Reconstruction
Anesthetized monkey data were acquired on a 3 T clinical MRI Siemens scanner (MAGNETOM, Trio Tim system, Siemens Healthcare, Erlangen, Germany) with an insert head gradient (AC88, 80 mT/ m, slew rate = 400 T/ m/ s, Siemens Healthcare, Erlangen, Germany).
To measure SNR, proton density-weighted gradient echo images (TR/TE/α = 30 ms/6 ms/ 30°, slice = 1.5 mm, 40 slices, matrix: 128 × 128, FOV: 128 × 128 mm 2 , and BW = 200 Hz/ pixel) were acquired. Coil array noise correlation information was acquired using the same pulse sequence but with no RF excitation. The SNR maps were calculated for images formed from noise covariance-weighted root sum-of-squares (cov-rSoS) combination of the individual channel images (Kellman and McVeigh, 2005; Roemer et al., 1990) . The same gradient echo sequence was used for G-factor calculations. For the G-factor calculations the FOV and matrix size were cropped offline according the size of the monkey to achieve a tight FOV (96 mm × 96 mm). The G-factor maps were calculated to assess noise amplification in SENSE reconstructions caused by the numerically ill-conditioned unaliasing of the accelerated images and are estimated from the complex-valued coil sensitivity profiles and coil channel noise covariance matrix (Pruessmann et al., 1999) . The maximum G-factor was determined after applying a 5×5 pixel mean filter to the G-factor maps to avoid biasing the maximum G-factor by outliers. In addition to the SNR data acquired with the implanted 8-channel array, data were compared with those obtained with the external single, 4-, and 8-channel coils in the same monkey.
High-resolution anatomical imaging with the implanted coil was demonstrated using a T1weighted three-dimensional MPRAGE sequence, with TR/ inversion time (TI)/TE/α = 2.7 s/ 850 ms/3.74 ms/9°, matrix = 512 × 512 × 240, 200 μm isotropic voxel size, BW = 180 Hz/ pixel, 4 averages, and an acquisition time per run of 23 min. In addition, high-resolution DTI images were acquired with the implanted array. 2D single-shot twice-refocused DW-SE-EPI were acquired at 0.7 mm isotropic using TR/TE = 6960/77 ms, matrix size = 148 × 148, R = 3, partial Fourier = 6/8, 61 slices, BW = 1408 Hz/pixel, 5 averages of 256 directions at b=1000 s/mm 2 , and 50 b = 0 images interspersed every 9 volumes. Total diffusion acquisition was 3 hrs. Slices were prescribed axially with the monkey in the sphinx position. Finally, to demonstrate the possible use of the implant coil for high-resolution fMRI, GRE-EPI images were acquired at 0.5 mm isotropic acceleration rates R = 1-4. Images were acquired using parameter values appropriate for functional imaging using BOLD contrast (axial slices, phase encoding direction = head-foot, TR/TE = 3000 ms/31 ms, matrix = 150 × 150, 0.5 mm isotropic voxel size, BW=1010 Hz/pixel, 100 time points). Due to hardware limitations in gradient strength, it was impossible to collect full-brain images using these parameters. To reach near full-brain coverage the number of slices (N sl ) was maximized for a fixed TR/TE, a distance factor of 20%, and partial Fourier acquisition (PF-factor) was used (R = 1: PF = 5/8, N sl = 25; R = 2: PF = 6/8, N sl = 38; R = 3: PF = 7/8, N sl = 47; R = 4: PF = 8/8, N sl = 53). To quantify the temporal stability of the GRE-EPI images, the time-course SNR (tSNR) was determined for each voxel as the mean value across the 100 time points divided by its temporal standard deviation.
Results
The Q U /Q L -ratios of the constructed implanted 8-channel coil ranged from 135/75 = 1.8 (for the smallest, frontal loop) to 155/35 = 4.4 (for the largest, central loop). Thus, the latter shows still sample-noise dominance, whereas, the smaller sized loops show equal distribution between coil noise and sample noise. The coupling between nearest neighbor elements as measured on the bench ranged from -13 dB to -27 dB with an average of -18 dB (Fig. 3a) . The next-to-neighbor coupling ranges from -5 to -12 dB. Similar values were obtained for the external array coils. The elements received an average additional reduction of 22 dB from preamplifier decoupling (Fig. 3b ). During the transmit state, the active detuning provided an isolation of the receive elements of on average -46 dB (Fig. 3c ). Figure 4 shows the representative noise correlation coefficient matrix for the external 4-and 8-channel and implanted 8-channel coils obtained from noise-only in vivo images. For the implanted array the noise correlation coefficients range from 0.16% to 27% with an average over all channels of 10% for the off-diagonal elements. These values are in between those of the external 4-and 8-channel coils, which range from 10% to 32% with an average of 19% and from 0.16% to 10% with an average of 5%, respectively. Figure 5 shows an in vivo SNR comparison for images combined with the noise-covariance weighted root sum-of-squares (cov-rSoS) in 3 orthogonal planes. The same subject was used for all coils. In comparison with the external single-, 4-, and 8-channel coil, the implanted 8channel coil showed an SNR increase in the periphery of the brain of 5.4-, 3.6-, and 3.4-fold respectively. In a region-of interest (ROI) covering the center of the brain, the SNR improvement with the implanted 8-channel coil was still 2.4-, 2.5, and 2.1-fold compared to the single-channel, 4-, and 8-channel coil, respectively. Both ROIs used for this measurement are shown in Fig. 5 as an overlay on the single-channel coil SNR map (center ROI in red; brain periphery ROI in white). For a ROI covering the entire brain, the relative SNR improvements obtained with the implanted array were 3.8, 3.0, and 2.8 compared to the external single-, 4-, and 8-channel coil respectively. Figure 6 shows the in vivo inverse G-factor maps in the transverse plane for onedimensional and two-dimensional acceleration for all the multi-channel coils. Table 1 shows the average and peak G-factors, where the latter reflect the worst-case scenario regarding noise amplifications during parallel image reconstruction. Compared to the external 4-, and 8-channel coils, the constructed implant coil produce overall lower G-factors in all cases. To quantify the regional G-factor improvement compared to the external coils, Table 1 contains the average G-factor in a central ROI and peripheral ROI of the brain. The improvements (lower G-factors) for the implanted array compared to the external coils were comparable in the central and peripheral brain region. Figure 7 shows a full-brain unaccelerated MPRAGE image (average over 4 acquisitions, 200 μm isotropic resolution) acquired with the 8-channel implanted coil. The higher SNR translates to improved image quality in the MPRAGE for high-resolution spatial imaging of the entire cerebral cortex. In the dorsal and posterior regions the SNR and contrast are high enough to visualize detailed structures, such as the line of Gennari in area V1 in the occipital lobe. Only in the most ventral and anterior part of the brain the SNR becomes relatively low due to the physically restricted geometry of the coil. Figure 8 shows a high-resolution diffusion tensor image in the axial, sagittal, and coronal direction, including maps of directionally encoded color and fractional anisotropy. The images were acquired in a single session with 0.7 mm isotropic spatial resolution using the implanted 8-channel array. The higher SNR and temporal stability can be used to acquire high-resolution DTI with less image distortions in a shorter acquisition time. Figure 9a shows a transversal slice for a near-full brain EPI volume acquired using parameter values chosen for BOLD imaging (TR/TE = 3 s/31 ms) using acceleration rates R = 1-4. In figure 9b the tSNR images of the same slice and acceleration rates is shown. For acceleration rates R=1-3 the majority of gray matter voxels have a tSNR level higher or equal to 20, which is sufficient for an fMRI analysis. Only in the most anterior areas the tSNR is rather low at this high resolution. The noise in the EPI volumes is consistent with the inverse G-factor maps. The noise level increases with the acceleration rate, yet only at 4fold acceleration does the additional noise amplification begin to significantly degrade the image quality. Furthermore, the susceptibility and motion artifacts at the edges of the brain diminish as the acceleration rate is increased.
Discussion
In this study, we present the design, construction, and characterization of an 8-channel receive-only array coil implanted onto the skull of a macaque monkey. The characterization of coil performance included the evaluation of noise correlation, SNR, G-factor maps, and high resolution in vivo imaging of a healthy adult male rhesus monkey.
The range between Q U /Q L -ratios shows non-uniform noise source contributions between the constructed array coil elements. While the larger loops show moderate sample-noise dominance (155/35 = 4.4), the smaller array loops show noise equally distributed between sample and coil components (135/75 = 1.8). The noise correlation coefficient between the coil elements of the implanted array revealed a mean coupling value of 10%-all correlation values were in the same range as those of the external 4-and 8-channel coil.
The SNR gain from the external 8-channel coil was only slightly higher than that of the external 4-channel coil. Due to the limited space around the head of a monkey, the placement of a coil with a large number of channels becomes difficult. This suggests that an even further increase in the number of channels for a monkey array coil would not translate into large gain factors. The use of the implanted 8-channel coil, however, resulted in an average SNR gain in the monkey brain of 3.8, 3.0, and 2.8 compared to an external single-, 4-, and 8-channel coil, respectively. This gain in SNR can be used to increase the spatial resolution of the MRI measurements. Because of the spatial SNR variation associated with array coils, the SNR gain of the constructed implanted array coil was higher at the periphery of the brain, but significant improvements at the center were also found. Higher SNR can also be obtained by acquiring multiple images and averaging, although this method is less efficient because the SNR only increases with the square root of the number of acquisitions. In addition, the implanted array provides improved temporal signal stability within and across scan sessions due to the fact that the array is always in the same position relative to the monkey's brain. G-factors for the implanted 8-channel coil show the highest noise amplification in the anterior and central brain regions. Comparisons between G-factor maps obtained with the external coils and the constructed implanted 8-channel array coil show overall significantly more favorable G-factors for the 8-channel implant array. The G-factor improvements compared to the 8-channel coil can be attributed to the closer fitting elements that offer a stronger spatial modulation of signal intensity and thus improved ability to unalias folded images (SENSE method) or synthesize spatial harmonics (SMASH or GRAPPA methods).
The improved SNR and acceleration capabilities obtained with the implanted coil allow us to increase spatial resolution for structural, diffusion tensor, and functional imaging. Here, we showed full-brain structural images that have enough contrast and SNR to reveal detailed structures at 200 μm isotropic after 4 acquisitions, obtained in only 92 min. Furthermore, detailed diffusion tensor-weighted images were acquired in a single session at 0.7 mm isotropic. This spatial resolution is almost 3 times higher as recently reported in vivo highresolution DTI experiments on macaque at 3 T (Liu et al., 2010) . The diffusion weighted data shown here have been used by McNab and colleagues in a comparative study with human data (McNab et al., In: Proceedings of the 20th Annual Meeting of ISMRM, Melbourne, Australia, 2012) , indicating the quality of the data. Thirdly, the quality of the acquired GRE-EPI images suggest that, with an implanted phased array, functional imaging using BOLD contrast at 3 T with a spatial resolution of 0.5 mm isotropic and near full-brain coverage is within possibility. For such functional studies using this 8-channel implanted coil, the optimum acceleration rate would be 2-or 3-fold, making a compromise between minimizing the partial Fourier factor, maximizing the FOV, and limiting the decrease in SNR caused by the G-factor. The obtained tSNR maps can be tentatively compared to recently reported results by Goense and colleagues (Goense et al., 2010a) in which the use of a flexible, linear receive array for macaques was presented. In this study an image of the inverse of the coefficient of variation was presented, which corresponds to our definition of tSNR. Taking into account the 4 times smaller voxel size and the difference in flip angle used in the tSNR measurements, we approximately estimate the gain factor of the implanted coil to be around 1.5-2 in tSNR compared to the results reported by Goense and colleagues, even though the latter study was done at 7 T. In addition, the implanted array coil approach, as reported here, provides improved coverage of the brain.
Conclusions
An 8-channel array coil for macaque imaging was implanted in an adult macaque monkey and tested with in vivo MRI scans. We compared the capabilities of the implanted array to a conventional external single-, 4-, and 8-channel coil. The implanted coil provided significant SNR gain over both external coils. Significant improvements in parallel imaging performance were also obtained. The use of the implanted coil allowed us to acquire very high spatial resolution structural images (200 μm isotropic) and DTI volumes (0.7 mm isotropic) with full-brain coverage and GRE-EPI volumes that are suited for high-resolution fMRI (0.5 mm isotropic) with near full-brain coverage. (1) magnet wire, (2) polyester coating of the wire, (3) liquid layer of Teflon, (4) layer of dental acrylic, (5) bone tissue, (6) part of the peek head post, (7) MCX connector. All the components (1-7) are completely covered with dental cement during the surgery. The dashed lines indicate the position of other loops.
Figure 2. Circuit schematic of one coil element and preamplifier chain
The implanted part is indicated in red. The coil element uses two capacitors: a matching capacitor C 1 and a variable tuning capacitor C 2 that fine-tunes the resonance frequency. A detuning trap is formed around C 1 using a hand-wound inductor L and a Diode D. A small coaxial cable, indicated in blue, connects coil and preamp transforming the element impedance to Z NM , the noise matched impedance for the preamplifier input. The coaxial cable also transforms the input impedance of the preamplifier to a short across D. (a) Typical geometric decoupling of two adjacent loops of the coil. S11 (blue) and S22 (red) measures are shown on a Smith chart. The S21 measurement is depicted in a log-mag format. The S11 and S22 measurement shows that both elements are impedance matched to 50 Ω at 123.25 MHz. The S21 parameter shows a coupling between the channels of -18 dB. (b) Preamplifier decoupling of typical loop as measured with two decoupled inductive probes. For this element the difference in S21 at 123.25 MHz between the states with the preamplifier (red) and with a dummy load (black) at the preamplifier input is -19 dB. (c) Active detuning of a typical loop as measured with two decoupled inductive probes. For this loop the difference in S21 at 123.25MHz between the states with (red) and without (black) the 10V bias voltage is -52dB. Figure 4. Noise correlation matrices of the external 4-and 8-, and implanted 8-channel coil The mean noise correlation between two individual channels is 19%, 5%, and 10%, respectively; the minimum noise correlation is 10%, 0.2%, and 0.2%, respectively; the maximum noise correlation is 32%, 12%, and 27%, respectively. Noise covariance information was acquired using the same pulse sequence as for the SNR measurement but with no RF excitation. Figure 5. In vivo SNR comparisons in 3 orthogonal slices between the external 1-, 4-, and 8- 
and implanted 8-channel coil
The SNR produced by the implanted coil is significantly higher than by the external coils. The SNR maps (log scale) were calculated for images formed from noise-covariance weighted root sum-of-squares (cov-rSoS) of the individual channel images. The central and peripherical ROI are indicated on the images obtained with the 1-channel coil. The square FOV (96mm × 96mm) was chosen as tight as possible around the monkey head to avoid underestimation of G-factors. The implanted array shows over-all lower average and peak G-factor values compared to the external 4-and 8-channel coil. Only after the Gfactor calculations, the results were masked with an ROI covering the brain. The central and peripheral ROI are indicated next to the images of the 4-channel coil. For the 4-channel the images for acceleration rates 2 × 3 and 3 × 2 are not shown because for those cases the acceleration rate is larger than the number of coils. DTI including maps of (a) directionally encode color (red, green and blue representing L-R, A-P and S-I respectively) and (b) fractional anisotropy. Images were acquired at 3 T with a head-insert gradient (G max = 80 mT/m) and an 8-channel implant coil. Imaging parameters were R=3, b=1000 s/mm2, 256 directions and 5 averages. The total scan time was 3 hours. Measured average G-Factor values for the external 4-and 8-and implanted 8-channel coil for one and two-dimensional acceleration directions in the periphery and center ROI. For the 4-channel coil, the acceleration rates R = 2×3 and R = 3×2 are not determined because the acceleration rate would be larger than the number of channels 
